Retinal and choroidal vascular imaging is a key to the better understanding and diagnosis of eye diseases. To achieve comprehensive three-dimensional capillary imaging, we used an enhanced vascular imaging technique, so called adaptive optics optical coherence angiography (AO-OCA). AO-OCA enables in vivo high-resolution and high-contrast micro-vascular imaging by detecting Doppler frequency shifts. Using this technique, the retinal and choroidal vasculatures of healthy subjects were imaged. The results show that both intensity and Doppler power images have sufficient contrast to discriminate almost all vasculatures from the static tissue. However, the choriocapillaris, pre-arterioles, and post-venules in the Sattler layer were more contrasted by the Doppler technique. In conclusion, AO-OCA enables three-dimensional capillary imaging, and is especially useful for the detection of the choriocapillaris and choroidal capillary network.
Introduction
The retinal and choroidal vasculature play significant roles in maintaining visual function. Specifically, arteries transport oxygen and nutrients, and veins return carbon dioxide and cellular waste products. Hence, the malfunction and malformation of the vasculature results in significant visual impairment [1] . For instance, retinal layers are damaged by vessel occlusion, and they never regenerate. Furthermore, it is known that several severe eye diseases, such as glaucoma, age-related macular degeneration, and diabetic retinopathy, are associated with physiological and structural vascular changes [1] [2] [3] [4] . Especially in age-related macular degeneration and diabetic retinopathy, angiogenesis is found at the capillary level [3, 5] . Early detection and better diagnosis are the key to preventing such significant visual impairment.
Vascular imaging techniques have been developed to detect both physiological and structural changes. For instance, fluorescein angiography (FA) and indocyanine angiography (ICGA) have been widely used in retinal and choroidal vascular imaging as a part of clinical routines. These angiograms detect not only structural changes but also physiological changes. However, the FA and ICGA have risks of adverse reactions to the dye injection [6, 7] . As a non-invasive method, retinal functional imager (RFI, Optical Imaging Ltd., Israel) is known to image structural vascular changes with the help of motion contrast and a selective illumination wavelength [8] , which allows quantitative transversal blood velocity assessment and qualitative oximetric imaging at the capillary level.
Although, as exemplified by the above-mentioned modalities, the physiological and structural vascular changes have been investigated in details, the lateral resolution is limited by ocular monochromatic aberrations. This limitation has been overcome by adaptive optics scanning laser ophthalmoscopy (AO-SLO) [9] , which is a non-invasive and high-resolution imaging technique. AO-SLO has been used for vascular imaging at the cellular level by dynamically correcting ocular monochromatic aberrations [10] [11] [12] [13] [14] [15] , which has enabled individual cell tracking including that of leukocytes and erythrocytes [10, 11, [13] [14] [15] , and has enabled motion contrast to enhance the visibility of small retinal capillaries [12] [13] [14] . The lateral resolution of AO-SLO is high enough to image all retinal capillaries, which are typically around 5 μm in diameter [1] .
However, the human retinal and choroidal vasculature is known to have a dense and complex three-dimensional (3-D) structure [1, 16] . And hence the application of optical coherence tomography (OCT), which possesses higher depth resolution than AO-SLO [17] [18] [19] , would provide further detailed vascular structure. In addition, OCT has higher sensitivity, typically better than 90 dB. OCT has been shown to have powerful utility in ophthalmology owing to its high speed, high sensitivity, and high resolution [20] [21] [22] [23] [24] .
Since the development of Doppler OCT [25] [26] [27] [28] , also known as optical Doppler tomography, several OCT-based methods have been used for 3-D non-invasive vasculature mapping at the capillary level. These methods include those based on the phase-difference between Bscans [29] [30] [31] [32] , speckle variance [33] [34] [35] , amplitude decorrelation [36] , phase variance [37] , Doppler variance [38, 39] , and a dual-beam-scan technique [40, 41] . Although these OCT-based methods reveal the three-dimensional micro-vasculature, the lateral resolution is again limited by ocular monochromatic aberrations, as in the case of the non-AO ophthalmoscope, and ocular chromatic aberrations.
AO-OCT is a state-of-the-art technology that allows microscopic investigation of the retinal and choroidal vasculature with extremely high lateral and axial resolution [42] [43] [44] [45] [46] [47] [48] . AO-OCT has been used in the structural investigation of three-dimensional micro-vasculature [43] [44] [45] .
In this paper, to further improve micro-vascular imaging in the retina and choroid, we demonstrate Doppler OCT with AO, so called adaptive-optics optical coherence angiography (AO-OCA). In the method, we used several techniques, such as a moderate extension of depth of focus by a spherical aberration [49] , a high-sensitive Doppler measurement by calculating the phase difference between B-scans, a modified bulk motion correction method, and some image post-processing. The performance of several bulk motion correction methods are quantitatively compared. Microscopic and macroscopic retinal and choroidal vascular imaging is presented. In addition, in vivo choriocapillaris and choroidal capillary imaging is demonstrated.
Method

System
A custom-made system was used in this study for adaptive-optics spectral-domain OCT (AO-SDOCT). This AO-SDOCT is nearly identical to our previous system, but has higher resolution and speed owing to an achromatizer and a new line sensor. Since the details of the previous system is described elsewhere [48, 49] , here we give a brief summary of the system.
Our adaptive-optics retinal scanner is a reflection type with a single deformable mirror. A custom-designed broadband achromatizer is used. The general concept of an achromatizer was described by Fernández et al. [50] . We designed the achromatizer to cancel not only for the longitudinal chromatic aberration (LCA) of the eye but also for the LCA of the system. The optical design of the achromatizer is shown in Fig. 1(a) . The numerical simulation showed the axial chromatic focal shift was corrected less than 3 μm at the wavelength bands of 970 nm and 1070 nm as shown in Fig. 1 
The achromatizer is located between the input collimator and a dichroic mirror as proposed by Zawadzki et al. [51] . This configuration is utilized to prevent surface reflection from the achromatizer to the SHWS. In addition, the dichroic mirror splits a back-scattered sample beam to the fiber tip and to a Shack-Hartmann wavefront sensor (SHWS, HASO32, Imagine Eyes, Orsay, France). As demonstrated by Zawadzki et al. [52] , this configuration allows the usage of two difference wavelengths for probe and beacon beams.
The SD-OCT sub-system consists of a spectrometer with an InGaAs line sensor driven at a line-rate of 91,911 lines/s (SUI1024LDH2, Sensors Unlimited, Inc., Goodrich, NC). The OCT interferometer is a fiber based Michelson interferometer with a 50:50 fiber coupler. The light source is an superluminescent diode (SLD, Superlum Ltd., Ireland) with a center wavelength of 1020 nm, which has deeper penetration than a center wavelength of 840 nm [53] . The bandwidth of the SLD is 106 nm and the axial resolution was measured to be 4.8 μm (in tissue), while the pixel separation was 2.5 μm (in tissue). The system sensitivity was measured to be 81.5 dB without correction of system aberration. After measuring the sensitivity, the rootmean-square (RMS) wavefront error was measured by using a model eye with a paper target, and was 0.54 μm. Note that, because of the large beam diameter (7.4 mm), system aberration deteriorated this measured system sensitivity [48] . The true sensitivity under closed-loop adaptive-optics operation is expected to be higher than this measured value, although it cannot be experimentally defined.
The post-processing was carried out by a PC with a CPU (Intel(R) Core(TM) 2 Duo Processor T9550 with 6MB L2 Cache, and 2.66 GHz clock speed) and 8 GB memory (DDR3-SDRAM 2GB × 4). All of post-processing was implemented by LabVIEW 2011 on 64-bit Windows 7 operating system.
Adaptive-optics controller
The aberrations were measured by the SHWS and corrected by a deformable mirror (DM) with 52 megnetomotive actuators (Mirao52e, Imagine Eyes). A laser diode with wavelength of 700 nm (HL7001MG, Thorlabs Inc., NJ) was used as an adaptive-optics beacon. The adaptiveoptics control software was written in LabVIEW using adaptive-optics control SDK (Imagine Eyes). An integral controller with target slopes described as follows is used for the closed-loop control. Here a vector of command voltages (command vector) of the DM, v t+T , at time t + T is defined as [54] v
where v t is the command vector at time t, and s T is the measured slope vector with the exposure time of T , whose dimension is equal to the number of subapertures within a pupil measured by the SHWS. s target is a target slope vector. The pseudo inverse matrix of an influence matrix A + was obtained by singular value decomposition. Using this controller, an arbitrary wavefront can be set as a target wavefront and reconstructed by the adaptive-optics.
In this study, we used the large beam diameter, and hence, the depth of focus becomes significantly smaller than the total thickness of the retina and choroid, which is around 0.6 mm. The expected depth of focus derived by a numerical simulation, which was defined by the FWHM in depth, was 52.7 μm. In order to extend the depth of focus, we introduced a spherical aberration (SA) by modulating the phase distribution of the pupil [49] . Specifically, the SA was 0.89 μm in peak-valley (PV). This value was selected to have 3-times longer focal range (156 μm) in theory and it provided a stable measurement condition. The defocus was adjusted to focus on the photoreceptors.
Doppler optical coherence angiography
Doppler shift calculation
Doppler OCT provides motion-specific contrast by detecting Doppler frequency shifts occurred by moving particles. In our methods, Doppler OCT technology is employed for the selective contrast of micro-vasculatures. In conventional phase sensitive Doppler OCT, the phase differences between adjacent A-lines are calculated. For ocular vasculature imaging, bulk motion correction is commonly performed to obtain bidirectional Doppler shifts of moving scatterers Δφ i (z). Then, Doppler power imaging, in which the image pixel value is determined by the squared power of the Doppler shift Δφ 2 i (z), has enabled high-contrast vascular imaging. Although large vascular networks are imaged by conventional Doppler OCT, it is still difficult to image small capillaries because the capillaries have low flow velocity, lay nearly perpendicular to the probe beam, and have small diameters [1, 2] . To obtain higher sensitivity to the capillary flow, a long time separation and high-resolution imaging are required. For the long time separation, we calculated phase differences between two adjacent B-scans [29, 31, 32] and the time separation of 1.4 ms was achieved. To improve the lateral resolution, the ocular monochromatic aberrations were corrected by adaptive-optics.
Bulk motion correction
A constant phase offset, φ B , owing to sample bulk motion and unstable scanning, disturbs the Doppler measurement. Methods that use the mode or mean of the Doppler shift to detect and cancel the bulk motion have been demonstrated [28, [55] [56] [57] . However, with the long time separation such as that in our protocol, many small capillaries can be detected, and hence the static regions become small. This disturbs the above-mentioned standard methods for bulk motion correction. This is because the detection accuracy of the constant phase offset relies on the selection of the static tissues. In other words, by selecting the static regions effectively, we can improve the estimation accuracy. In this paper, we used the OCT signal intensity as a weight function to effectively select the static tissue [28] . In addition, this estimator was extended into a complex form to have higher robustness. The weight function provides an appropriate selection of the static tissues of the eye for the following reasons. First, the OCT signal is, in SD-OCT, weaker in a dynamic region with stronger motion, such as in blood vessels [58, 59] . Second, the static retinal structures including photoreceptors, the retinal pigment epithelium (RPE), and nerve fiber layers are strong scatterers and hence have high OCT signal intensity. For instance, the photoreceptors and RPE typically have a mean signal-to-noise ratio (SNR) larger than 20 dB, while the choroid and retinal capillaries has an SNR of around 15 dB or less. Third, because the random phase noise depends on the SNR [60] , the phase value is more reliable with the higher SNR. Under the above circumstances, the intensity-weighted mean estimator is a good candidate for the bulk motion correction.
Another problem associated with the Doppler measurement protocol using a long time separation is frequent phase wrapping. This is because the measurable maximum Doppler velocity is small. Although this is not problematic in the case of the mode estimator [55] , the phase wrapping disturbs the mean estimation [28, 56] and it should be corrected by some means. And hence, in this paper, we calculated the mean value in complex form, because this complex mean is robust for the phase wrapping.
Our mean estimator is described as
where φ B is the estimated sample bulk motion, S i ( j) is the complex OCT signal at the j-th depth pixel in the i-th A-line and the superscript * denotes the complex conjugate. It is noteworthy that the amplitude of S i ( j) S * i+1 ( j) is used as a weight of this mean calculation. This weight takes a larger value for a stronger OCT signal.
This proposed method has additional advantages other than the robustness to the phase wrapping occurred by a large bulk motion. First, the estimation is robust even in the case with large blood vessels, in which the blood flow velocity far exceeds the maximum velocity range. Since, in such large blood vessels, the phase values appear as random values with a zero-mean, the complex mean estimator is less sensitive to the blood flow but selectively sensitive to the bulk motion of the eye. Second, it is significantly faster in computation than the mode estimator and the other recently proposed iterative methods [31, 32, 55] . Third, it does not need to apply intensity threshold, and hence is a totally linear operation [57] .
In order to evaluate the proposed mean estimator, the performances of the mean and mode bulk-motion estimators are quantitatively compared in Section 3.1.
Image post-processing
Volume registration
Multiple volumes taken at a single retinal location are registered to each other semiautomatically. Since a similar method was demonstrated by Kocaoglu et al.. [47] , we only briefly summarize the method.
First each volume is flattened to the inner/outer segment junction (IS/OS) by detecting the IS/OS employing customized edge detection and an iterative smoothing algorithm [55] . Second, the transversal shifts among volumes are detected and corrected using a phase-correlation based-registration algorithm. In detail, the en face slices of photoreceptors are extracted from each volume. These en face images are segmented into several strips along the fast-scan axis. The transversal motion of the strips relative to a proper reference image is detected by the phase-correlation based registration algorithm. Some segmented strips with small correlation coefficients are rejected. Finally, a set of motion-corrected volumes is obtained.
Volume averaging
In some of the measurement protocols used in this study, the OCT intensity and Doppler power volumes at a single retinal location are averaged to enhance the contrast after being co-registered. Note that the Doppler power volumes are averaged after applying a mask that replaces the phase value with the value zero if the SNR of the corresponding OCT intensity is less than 10 dB.
Volume stitching
A wider field of view (FOV) volume is obtained by stitching multiple volumes at several retinal positions, similar to the method presented by Zawadzki et al. [46] . Since each volume had been flattened to the IS/OS, only the transversal shifts are manually determined. To avoid blurring, the volumes are not further averaged in the overlapped regions. In Sections 3.2 and 3.3, the volume with the highest average intensity was displayed at each location, while in Section 3.4, the volume with the best subjective image quality was displayed.
The SNR varies among the measurement data sets. To reduce the variability of the contrast among the intensity volumes, the range of pixel brightness of each volume is normalized to have the same maximum brightness value.
In general, the FOV of a single patch is limited by field aberrations originating from the limited size of the isoplanatic patch of ocular optics [61] . This small patch size sometimes results in the absence of or only a very small overlapped region among neighboring volumes. It finally results in failure of the volume stitching.
In some protocols, to avoid this failure, a set of volumes that have a relatively wide FOV but low resolution are obtained before acquiring the high-resolution but small FOV volumes. A mosaic of the wide FOV patches is first created, and the small FOV volumes are then coregistered to this mosaic. This multi-scale protocol enables more accurate volume registration.
Retinal layer segmentation
In the region close to the fovea, the retinal capillaries are known to have laminar distributions [1, 16, 62] except within the nerve fiber layer (NFL) and ganglion cell layer (GCL), in which capillaries have relatively complex three-dimensional capillary plexus [62] . Beneath the RPE, the choriocapillaris is connected to the pre-capillary arterioles and post-capillary venules in the Sattler layer [63] . Hence, the depth-resolved en face projection would provide intuitive understanding of the three-dimensional vascular structures.
To generate en face projections, we first segmented the retina and choroid into several layers by employing a customized algorithm for edge detection and smoothing.
In detail, we first average several neighboring B-scans in an OCT volume to reduce speckles. Specifically, in Sections 3.2 and 3.4, we average 17 B-scans in an averaged OCT volume. On the other hand, in Section 3.3, we average 60 B-scans in a non-averaged wide-field OCT volume that is generated after volume stitching. Here the 60 B-scans cover a 0.3-degree FOV, and we assume the laminar structure does not significantly vary within this 0.3-degree FOV. Then, using the sets of averaged B-scans, the following layer interfaces are automatically segmented by detecting the minimum or maximum of local gradients of the OCT intensity; i.e., the interface between the inner limiting membrane and NFL (ILM/NFL), the interface between the NFL and GCL (NFL/GCL), the interface between the inner nuclear layer and the outer plexiform layer (INL/OPL) and the interface between the RPE and choroid (RPE/choroid). In addition, the interface between the inner plexiform layer and INL (IPL/INL) is manually segmented.
Although the simple segmentation algorithm presented above would not be applicable to some clinical cases, several established alternative also can be used for the same purpose [64-67].
En face projections
In the retina, on the basis of the segmentation described in Section 2.4.4, we generate en face projections of four independent retinal layers, which are denoted as an NFL projection, GCL+IPL projection, IPL/INL projection, and INL/OPL projection.
The NFL projection is generated by averaging a retinal section between the ILM/NFL and NFL/GCL interfaces, and hence this projection contains the NFL. The GCL+IPL projection is generated by averaging a retinal section between the NFL/GCL and IPL/INL interfaces, and hence, it contains the GCL and IPL. The IPL/INL projection is generated by averaging several depth pixels centered on the IPL/INL interface. The INL/OPL projection is generated by averaging several depth pixels centered on the INL/OPL interface.
For the IPL/INL and INL/OPL projections, we manually set the number of depth pixels, which are used for averaging. Specifically, in Section 3.2, we average seven and ten depth pixels In the choroid, we generate en face projections of four independent choroidal layers, which are denoted as projections CC1 to CC4. These projections are segmented and numbered from the RPE/choroid interface, and they have thickness of a few micrometers. Specifically, in Section 3.2 and 3.4, the thickness of each projection is three pixels (7.4 μm in tissue). In Section 3.3, the thickness is two pixels (4.9 μm in tissue).
The en face projections are generated for the OCT intensity and Doppler power respectively. The en face projections of Doppler power images are further denoised by a transversal moving average filter with kernel size of 3 pix (fast) × 3 pix (slow) in Section 3.2, 2 pix (fast) × 2 pix (slow) in Section 3.3 and 3 pix (fast) × 5 pix (slow) in Section 3.4.
Measurement protocol
Three eyes of three healthy subjects are involved in this study. All eyes are myopic. The participants' characteristics are summarized in Table 2 .5.
Informed consent was obtained from all subjects. The protocol conformed to the Declaration of Helsinki, and it was approved by the Institutional Review Board of the University of Tsukuba. Prior to measurement sessions, two drops of 0.5% tropicamide and 0.5% phenylephrine were applied for pupil dilation and cycloplegia.
The optical powers were 1.3 mW for the probing beam and 90 μW for the beacon beam. According to the safety limits defined by the American National Standard Institute [68], the maximum permissible radiant powers are 1.7 mW for the probing beam and 399 μW for the beacon beam with an exposure time of 10 seconds, assuming the eye was illuminated by only one of the two beams. In order to account for the simultaneous multiple beam exposure, the total fractional powers respect to the maximum permissible radiant power should be less than 1.0. In our case, it was 1.3 mW / 1.7 mW + 90 μW/ 399 μW = 0.99. And hence our measurement configuration satisfies the safety standard. Three scanning protocols summarized in Table 2 .5 were used. In protocol A, two sequential volumes were acquired at a speed of 2.8 volumes/s in a single measurement data set. In protocols B and C, nine sequential volumes were acquired at a speed of 5.6 volumes/s in a single measurement data set. Multi-scale measurement described in Section 2.4.3 was performed with protocols A and B. Highly sensitive measurement to be described in Section 3.4 was performed with protocol C.
The fixation target, which was a grid pattern on a piece of paper, was used to lead the subject to given eccentricities. In the measurement, the eccentricity was set at 3 degrees inferior and 1.5 degrees nasal in Sections 3.2 and 3.4. For the wide FOV imaging described in Section 3.3, the eccentricity was changed in 0.5-degree steps within a 5-degree-wide field.
The measurement was performed in less than 2.5 hours per day, and there were typically 60 data sets in a day. 
Result
Bulk motion correction
To quantitatively compare the performances of the mean and mode bulk motion estimators, we scanned an eye of subject A with scanning protocol B. The bulk motion was estimated using the mean and mode estimators, and to cancel the bulk phase occurred by the motion, the estimated bulk motion phase was subtracted from the original Doppler phase shift. Since the Doppler shift is bidirectional, the RMS of the Doppler shifts was used as a measure of the performance of the motion correction. To obtain the statistics, a static region with strong scattering from the IS/OS to RPE/choroid interface was used as a region of interest as shown in Fig. 2(a) . Figure 2(b) shows the distribution of the RMS of the Doppler shift for each B-scan. In all B-scans, the RMS obtained by the mean estimator was smaller than that obtained by the mode estimator. The RMS of the Doppler shift of the whole region of interest was 0.90 rad for the mean estimator and 0.93 rad for the mode estimator. These results indicate that the mean estimator provides better bulk motion correction than the mode estimator.
Microscopic structures in the retina and choroid
We scanned subject A with scanning protocol B. The mean of the residual RMS wavefront error was 0.14 μm.
In the image post-processing, the volume registration and averaging were performed as described in Sections 2.4.1 and 2.4.2. An example of the high-contrast projection at the photoreceptor layer obtained in this process is shown in Fig. 3(a) . The layer segmentation as described in Section 2.4.4 was then performed. The corresponding layers are indicated in Fig. 3(b) . Finally, two volumes were stitched, and the en face projections were generated as described in Sections 2.4.3 and 2.4.5. The post-processing computation took around 10 minute and was followed by manual volume alignment process taking around an hour. The depth-resolved retinal capillaries were observed in the intensity and Doppler power images as shown in Fig. 4(a) . In the GCL and IPL projection, a relatively large blood vessel was imaged. No corresponding structure was observed at deeper projections. At the IPL/INL boundary, the retinal capillary bed was observed in the Doppler power image, which provided higher specificity of the capillaries than the corresponding intensity image. At the INL/OPL boundary, the high contrast retinal capillary bed was observed in both the intensity and Doppler power images. Here the hyper scatterers, which would mainly be red blood cells, had sufficient contrast to discriminate the capillaries from the static tissue.
On the other hand, in the choroid, the intensity and Doppler power images had different contrasts as shown in Fig. 4(b) . Although Doppler power images showed the capillary patterns in projections CC1 and CC2, the corresponding patterns were hardly observed in the intensity images.
Macroscopic retina and choroid
Wide-FOV imaging was performed for the investigation of macroscopic retinal and choroidal structures with high resolution. Subject A was scanned with scanning protocols A and B. We performed 237 data sets in total over 4 days. In order to generate a wide field mosaic, we manually selected 149 data sets, which were not suffered by significant involuntary eye motion. Twenty data sets were obtained with protocol-A, and the other 129 data sets were obtained with protocol B. The mean of residual RMS wavefront error was 0.145 μm.
In the image post-processing, the volume stitching described in Section 2.4.3 was first performed. The layer segmentation described in Section 2.4.4 was then performed. The volume registration and averaging was performed as described in Sections 2.4.1 and 2.4.2. Finally, a region of 1.5 mm × 1.5 mm was cropped for display. The measured area and cropped area are shown in Fig. 5 . The post-processing computation took around 11 hours and was followed by manual volume alignment process taking around 18 hours. [1, 62] .
In the choroid, the en face projections of the choriocapillaris were generated from the RPE/choroid interface to a deeper layer with 5-μm (2-pixel) thickness as shown in Figs. 6(g) and 6(h). The smaller, complex, and dense capillary patterns were observed in the Doppler power image. However, only a cloudy pattern was observed in the intensity image similar to the microscopic observation. A three-dimensional structure can be viewed in the fly-through movies of intensity (Media 3) and Doppler power (Media 4), which are from the RPE/choroid interface to 100-μm (30-pixel) below the interface.
Choriocapillaris imaging
To demonstrate choriocapillaris imaging, three eyes of three subjects (subjects A, B and C) were scanned with protocol C, which has higher Doppler sensitivity than the other protocols. The mean of residual RMS wavefront errors was 0.09 μm, 0.09 μm, and 0.13 μm for subjects A, B, and C respectively.
In the image processing, the volume registration, averaging and layer segmentation were performed as described in stitched and the en face projections of the choroid were generated. The post-processing computation took around 10 minute and was followed by manual volume alignment process taking around an hour. The same tendency was confirmed for all three eyes; the capillary patterns were successfully observed in the Doppler power images as shown in Fig. 7 , while the corresponding patterns were not clearly observed in the intensity images.
Discussion
Involuntary eye motion
The current study has several limitations. The most severe limitation is that of involuntary eye motion. For high-sensitivity Doppler imaging, a highly dense scanning protocol (i.e., a protocol with a smaller fractional displacement) is required. Since the higher density of scanning requires a longer measurement time, the imaging is more easily disturbed by involuntary eye motion. For instance, the success rate of high-density scanning (protocol C) in our study was 27%, while the rates for protocols A and B were 95% and 72% respectively. Unfortunately, the current success rate of high-density scanning is low. However, this problem will be easily overcome by high-speed OCT imaging technology [69, 70] .
Capillary imaging
Retinal capillary imaging
Although the incident beam was focused on the photoreceptors in our study, three-dimensional comprehensive capillary imaging through the whole depth of the retina was demonstrated. This can be accounted for by the extended depth of focus due to introducing SA to the target wavefront of the adaptive-optics closed loop [49] .
In the case of the retina, the intensity and Doppler power images showed similar contrasts for the retinal capillaries as shown in Figs. 4 and 6. However, the structures visible in the two modalities are not always the same because of the difference in the contrast mechanisms of the modalities. For instance, the contrast of an intensity image depends on the scattering properties of tissues and blood cells. On the other hand, the contrast of a Doppler power image depends on the capillary blood flow velocity and its angle in addition to the phase noise. Hence, the intensity and Doppler power images complement each other in clarifying the structural and physiological properties of the vasculature.
Choriocapillaris
Although choriocapillaris imaging has been reported using FA [71] and ICGA [72] , neither of the methods provide the microscopic structure of the choriocapillaris. ICG was also used to investigate the vascular dynamics of the choriocapillaris [73] . The investigation requires artificial cells containing ICG and is thus an elaborate procedure, and is not approved for human investigation. In addition, the limited depth resolution of FA and ICGA prohibits the three-dimensional investigation of the choriocapillaris. Furthermore FA and ICGA are not noninvasive methods and induce some adverse reactions.
The issues of the limited transversal and depth resolutions can be overcome by AO-OCT. Torti et al. demonstrated choriocapillaris imaging by AO-OCT [74] . However, the imaging was only performed with intensity OCT and not with Doppler OCT.
In our result, intensity OCT showed only limited contrast. Alternatively, the Doppler power images showed capillary patterns. The reasons of the limited contrast in the intensity images can be explained by the scattering properties of tissues. According to the histology, the intercapillary region contains collagen fibers [16] . Except the special case of cornea, collagenous tissue, such as sclera and lamina cribrosa, appeared with hyper-scattering in the OCT intensity image. Since the capillary is also hyper-scattering, this scattering property of the inter-capillary region would degrade the contrast of the choriocapillaris in the intensity images.
Conclusion
To the best of our knowledge, we are the first to demonstrate the AO-OCA by combining the AO-OCT and Doppler OCT. This enables the detailed investigation of a three-dimensional capillary network in the retina and choroid. The intensity and Doppler images showed similar contrast for the retinal capillaries. On the other hand, the choriocapillaris, pre-arterioles and post-venules in the Sattler layer were more highly contrasted by the Doppler technique. The AO-OCA is found to be useful especially in the detection of the choriocapillaris and choroidal capillary network without any contrast agent.
